The mechanics of contacting cartilage layers is fundamentally important to understanding the development, homeostasis and pathology of diarthrodial joints. Because of the highly nonlinear nature of both the materials and the contact problem itself, numerical methods such as the finite element method are typically incorporated to obtain solutions. Over the course of five decades, we have moved from an initial qualitative understanding of articular cartilage material behavior to the ability to perform complex, three-dimensional contact analysis, including multiphasic material representations. This history includes the development of analytical and computational contact analysis methods that now provide the ability to perform highly nonlinear analyses. Numerical implementations of contact analysis based on the finite element method are rapidly advancing and will soon enable patient-specific analysis of joint contact mechanics using models based on medical image data. In addition to contact stress on the articular surfaces, these techniques can predict variations in strain and strain through the cartilage layers, providing the basis to predict damage and failure. This opens up exciting areas for future research and application to patient-specific diagnosis and treatment planning applied to a variety of pathologies that affect joint function and cartilage homeostasis.
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In memory of Dr. Rik Huiskes
It is with great fondness that I recall my interactions with Dr. Rik Huiskes, starting from the very early years of my doctoral training in the late 1980s. I had joined the Orthopaedic Research Laboratory of Dr. Van C. Mow as a doctoral student in 1986, soon after his move from Rensselaer Polytechnic Institute to Columbia University. In my first interview with Dr. Mow, he had outlined one of the research projects I ended up working on, which focused on characterizing the three-dimensional topography of articular surfaces using stereophotogrammetry. Upon joining the lab, he asked me to read the paper by Huiskes et al. (1985) , titled "Analytical stereophotogrammetric determination of three-dimensional knee-joint geometry" to get started on this project. He explained that he had visited Dr. Huiskes at the University of Nijmegen and had been extremely impressed by this methodology, which he wanted to replicate in his new laboratory. Together with my friend and co-graduate student Louis J. Soslowsky, we labored over this effort relentlessly, poring over the paper and teasing out every possible detail to help us replicate this system, both with hardware and software. Dr. Huiskes visited our lab in New York City soon after we started this project and it was with great excitement that I first met the person behind the scientific paper. This first encounter was quite memorable to me as a young student; over time I got to know Dr. Huiskes much better personally, as I benefited from his close friendship with Dr. Mow, which translated into increased encounters over the years. I felt extremely honored when Dr. Huiskes sent me my first manuscript to review, for the Journal of Biomechanics, when I became an Assistant Professor. Over the years, Rik imparted much wisdom to me, both professionally and personally, and I always looked forward to the opportunity of seeing him at conferences and other venues. I was always impressed by the quality and impact of his research and followed his work closely. I developed a kinship with several of his former students, most notably Leendert Blankevoort, who spent a year at Columbia as a visiting scholar and became a good friend. Dr. Huiskes' legacy is all around us and it was my great privilege to have known him and interacted with him over many years. GAA.
Introduction
Articular cartilage is the connective tissue that lines the ends of bones in diarthrodial joints. Cartilage serves as the bearing material whose primary function is to cushion the load transmission across joints while minimizing friction. Adult articular cartilage is avascular and exhibits a limited ability to repair. Consequently, cartilage degeneration occurs when the tissue's mechanical or biochemical environment significantly deviates from normal conditions, as in Contents lists available at ScienceDirect journal homepage: www.elsevier.com/locate/jbiomech www.JBiomech.com injury, or when the tissue's metabolism can no longer keep up with the normal wear and tear of daily activities, as in aging. Articular contact mechanics has long been a topic of interest in the joint biomechanics literature; a better understanding of the load-bearing function of cartilage in relation to the tissue's structure is expected to yield significantly greater insights into the pathomechanics of joint degeneration and the treatment modalities that aim to repair or replace this tissue with engineered equivalents. A number of challenges have confronted investigators in their efforts at characterizing contact mechanics in diarthrodial joints. At a fundamental level, the material response of articular cartilage had to be properly characterized to produce experimentally validated constitutive relations that could describe its response to various loading conditions. The contact interface conditions had to be elucidated from experiments and theory. Where possible, analytical solutions of cartilage contact mechanics had to be developed that could yield fundamental insights with regard to load support and the dependence of tissue strains and stresses on contact interface tractions. Computational contact methods had to be formulated, implemented, verified against analytical solutions and validated against experimental results. Quantification of the anatomical topography of articular layers had to be performed to provide geometric models as input to computational analyses. Finally, the integration of other soft and hard tissue structures into those models has been required to produce more realistic models of whole joints.
Many of these challenges have been substantially addressed and met, though opportunities for further refinements in the modeling approach and more substantive validations of whole-joint response against experimental data remain active areas of investigation. This article reviews some of the salient milestones in cartilage contact mechanics and presents a few of the latest developments in relation to computational contact analyses. The strategies and major technical hurdles associated with three dimensional patient-specific analysis of contact mechanics are discussed, with special attention to geometry acquisition in vivo. The application of patient-specific computational analysis is described in relation to studies of the hip. Finally, we present important areas that require further research and future directions. The reader is referred to textbooks for details on the composition and structure-function relationships of articular cartilage (Freeman, 1979; Mow and Huiskes, 2005) .
Cartilage material response and constitutive relations

Viscoelasticity and tension-compression nonlinearity
When subjected to extended durations of loading, articular cartilage does not behave as an elastic material, as reported by Elmore et al. in their classic article titled "Nature of 'imperfect' elasticity of articular cartilage" (Elmore et al., 1963) . Extensive characterizations of the time-dependent response of cartilage to loading was reported by Hayes and Bodine (1978) and Hayes and Mockros (1971) who described this tissue as 'viscoelastic'. Hayes and Bodine (1978) specifically alluded to the fact that cartilage viscoelasticity could result from flow-dependent as well as flow-independent mechanisms, the former alluding to the frictional interactions of the interstitial fluid with the porous collagenous matrix, and the latter alluding to intrinsic viscoelasticity of the solid matrix. This distinction has persisted over the years, with various investigators giving more or less weight to either mechanism.
To describe the flow-dependent viscoelasticity of cartilage, Mow et al. (1980) adopted the framework of mixture theory (Bowen, 1976 (Bowen, , 1980 to model the tissue as a biphasic material consisting of an intrinsically incompressible porous solid matrix and interstitial fluid. This framework emphasized the importance of interstitial fluid pressurization and flow within the deformable porous matrix, leading to loss of tissue volume as a result of fluid exudation. They modeled the solid matrix as compressible isotropic elastic, where the compressibility arises from its porous nature. Validations from experimental measurements of tissue deformation and interstitial fluid pressure were performed in confined compression creep, stressrelaxation, and dynamic loading (Ateshian et al., 1997; Holmes et al., 1985; Mow et al., 1980; Ateshian, 1998, 2000b) .
To capture the experimental response of cartilage in unconfined compression however, it became necessary to account for the distinctively stiffer stress-strain response of cartilage in tension than compression noted from experiments (Armstrong and Mow, 1982; Huang et al., 2005; Kempson et al., 1968) , as confirmed from several theoretical and experimental studies (Armstrong et al., 1984; Brown and Singerman, 1986; Cohen et al., 1998; Park et al., 2003; Soltz and Ateshian, 2000a; Soulhat et al., 1999) . Further improvement was observed between experiments and theory when the solid matrix was modeled with multiple or continuous tensile-bearing fibril distributions Wilson et al., 2004) .
As an alternative to accounting for cartilage's tension-compression nonlinearity, some studies proposed that the intrinsic viscoelasticity of the solid matrix was a dominant mechanism needed to describe its response to unconfined compression (DiSilvestro et al., 2001a (DiSilvestro et al., , 2001b . However, subsequent theoretical and experimental investigations suggested that flow-dependent viscoelasticity was the dominant dissipative mechanism in cartilage (Huang et al., 2001 (Huang et al., , 2003 Park and Ateshian, 2006; Park et al., 2004) .
Osmotic swelling
The articular cartilage matrix consists primarily of a type II collagen fibrillar matrix and aggregating proteoglycans (aggrecans). At physiological pH these proteoglycans are negatively charged, attracting cations and repelling anions such that the interstitial fluid osmolarity increases substantially above that of the tissue's bathing environment. This osmotic disparity causes an influx of water that swells the tissue; since the swelling is resisted by the fibrillar matrix, an osmotic pressure arises to counter this matrix stress (Basser et al., 1998; Maroudas, 1968) . This phenomenon is called the Donnan effect and the resulting pressure is the Donnan osmotic pressure.
The Donnan effect has been modeled in articular cartilage with the triphasic theory (Lai et al., 1991) by extending the mixture framework to include two monovalent counter-ions in the interstitial fluid as well as a charge density fixed to the solid matrix to represent proteoglycan charge. In addition to predicting osmotic swelling, this framework also models the electric potential and current density in the tissue, in response to mechanical, chemical or electrical loading conditions. Other investigators subsequently developed conceptually similar models with charged or neutral solutes (Gu et al., 1998; Huyghe and Janssen, 1997; Mauck et al., 2003; Wilson et al., 2005) .
Analytical contact solutions
Cartilage forms a layer of soft tissue anchored to a much stiffer subchondral bone plate and trabecular bone substrate. The contact area between the opposing articular layers of a joint has a characteristic length typically greater than the layer thickness. Therefore, analytical solutions for cartilage contact cannot be based directly on Hertz contact theory, which models the contacting materials as half-spaces where the contact size is small compared to the typical dimensions of the contacting bodies (Johnson, 1985) . Instead, the most elementary assumption is to model the cartilage as an elastic layer bonded to a rigid foundation.
The first exact theoretical contact analysis widely used in cartilage mechanics was the indentation analysis by Hayes et al. (1972) , which provided solutions for indentation of an isotropic linear elastic layer with a frictionless plane-ended cylindrical or spherical indenter. Even though the analysis could have been used to examine more closely the state of strain and stress in contacting articular layers, it was applied mostly to extract cartilage material properties from indentation measurements.
Armstrong used his insights from biphasic theory (Armstrong et al., 1984) to propose approximate plane strain elastic contact solutions for a thin layer of cartilage in the limits of instantaneous and equilibrium responses (Armstrong, 1986) . For the instantaneous response, cartilage was assumed to behave as an incompressible isotropic linear elastic material, since the interstitial fluid cannot exude instantaneously from the tissue upon loading. For the equilibrium response, cartilage was modeled as a compressible isotropic linear elastic material, given that the loss of interstitial fluid is accompanied by reduction of the pore volume. The greatest shear stress in the instantaneous response occurred at the cartilage-bone interface, beneath the location where the articular contact pressure gradient was greatest, consistent with experimental observations (Meachim and Bentley, 1978) . Also, the equilibrium response exhibited significantly lower contact pressure, as the contact area spread more widely under the same load.
The analytical foundations of Hayes' study were later used by Eberhardt et al. (1990 Eberhardt et al. ( , 1991a Eberhardt et al. ( , 1991b to formulate contact analyses of layered elastic spheres for the specific purpose of examining articular contact mechanics. The underlying bone was also modeled as an elastic layer. Isotropic linear elastic models were employed for cartilage, using Poisson ratios approaching the incompressibility limit, justified by previous theoretical findings (Armstrong et al., 1984) . They also confirmed that large shear stresses could be observed at the cartilage-bone interface, consistent with experimental findings of damage at that location in osteoarthritic joints. They did not observe significant tensile stresses in the articular layer, a surprising outcome considering the prevalence of surface clefts in osteoarthritic joints. They reported negligible influence of the bone deformation on the cartilage response.
A biphasic contact analysis was subsequently reported (Ateshian et al., 1994) which incorporated Armstrong's thin layer approximation into the biphasic framework to produce an asymptotic solution of the short-term response of contacting spherical biphasic layers. This contact analysis, which modeled the solid matrix as isotropic linear elastic, distinguished between the fluid pressure and solid matrix stress contributions to the total stress, showing that interstitial fluid pressurization contributed most of the contact stress in the early time response. As a result, solid matrix stresses were significantly smaller than the total stresses predicted from equivalent incompressible elastic analyses. Under a constant load, loss of fluid pressurization would only become significant after 200 s, based on representative cartilage material properties and the congruence of the contacting surfaces. Similar to earlier models, this biphasic analysis also predicted elevated shear stresses at the cartilage-bone interface with no excessive tensile solid stresses near the articular surface. The findings of this asymptotic thin-layer analysis were later reinforced by a more general analytical solution of the transient biphasic contact response (Kelkar and Ateshian, 1999) .
A subsequent contact analysis of continuously rolling or sliding cylindrical biphasic layers demonstrated that interstitial fluid pressurization could sustain more than 90% of the contact load indefinitely, as long as the velocity of the migrating contact pressure significantly exceeded the characteristic velocity of interstitial fluid flow in the tissue (Ateshian and Wang, 1995) . Taken together, these biphasic contact analyses suggested that normal physiologic articular joint contact conditions did not necessarily produce significant loss of interstitial fluid pressurization under activities of daily living.
Computational contact algorithms
Some of the earliest computational joint contact analyses (Brown and DiGioia, 1984; Eckstein et al., 1994) employed elastic contact algorithms, such as those implemented in the FEAP (Taylor and Sackman, 1980) and MARC finite element (FE) codes. Some authors also developed their own custom contact formulations for the sole purpose of performing diarthrodial joint contact analyses, such as Heegaard et al. (1995) . These earlier investigations similarly employed nearly incompressible isotropic elastic models of cartilage.
The earliest FE models of joint contact that employed porous media formulations can be traced back to the custom mixture formulation of Schreppers et al. (1991) and the application of the ABAQUS poroelastic contact algorithm to cartilage analyses (Van der Voet et al., 1993) . The poroelastic contact algorithm of the ABAQUS commercial code gained significant popularity after its capabilities were demonstrated (Wu et al., 1998) and customizations for enforcing continuity of the fluid pressure and normal flux across the contact interface were clarified (Federico et al., 2004) .
A contact algorithm for biphasic models of cartilage was formulated (Donzelli and Spilker, 1998) and implemented to analyze the contact of transversely isotropic curved articular layers (Donzelli et al., 1999) , showing that the location of peak tissue solid matrix stresses could now be observed not only at the cartilage-bone interface but also at the cartilage surface, consistent with experimental findings of cartilage lesions. These results demonstrated that anisotropy and articular curvature both influence the stress distribution within the tissue significantly, and the former finding is consistent with loading analysis of a transversely isotropic flat cartilage layer (Garcia et al., 1998) . Another custom implementation of a biphasic contact algorithm examined the combined effects of tension-compression nonlinearity and inhomogeneity of the cartilage material properties through the articular layer thickness . This study further confirmed elevated solid matrix stresses at the articular surface on account of tension-compression nonlinearity. It also showed that inhomogeneous properties enhance the magnitude of interstitial fluid pressurization at the articular surface, where it may help reduce friction (Ateshian, 2009 ).
Formulations of stationary and sliding biphasic contact algorithms under finite deformation have recently been reported by several investigators, either implemented in custom codes (Chen et al., 2005; Chen and Hisada, 2007) , in the commercial COMSOL code Spilker, 2011, 2012) , or in the open-source FEBio software suite (Ateshian et al., 2010; Maas et al., 2012 ) (www.febio. org). All of these formulations are valid for frictionless contact and properly enforce continuity of the normal component of the mixture traction, the fluid pressure, and the normal component of the fluid flux across the contact interface. Some recent studies have presented comparisons of biphasic contact between FEBio and ABAQUS, showing agreement as long as a user-routine is added to ABAQUS to enforce continuity of the normal component of fluid flux at the contact interface (Galbusera et al., 2012; Meng et al., 2013) .
In another study it was also shown that the equivalence between the instantaneous biphasic and incompressible elastic contact responses remained valid under finite deformation (Ateshian et al., 2007) . This study also presented the theoretical principles under which the pressure p in an incompressible material becomes exactly equivalent to the fluid pressure p of a biphasic material in its instantaneous response to loading. This equivalence only holds true for specific choices of constitutive relations for the solid.
A contact algorithm for triphasic models of cartilage has also been formulated recently and implemented in a custom code , which additionally enforces continuity of the normal component of the monovalent counter-ion fluxes as well as their electrochemical potential. A similar contact algorithm was recently implemented in FEBio for a biphasic mixture including a neutral solute , and subsequently extended to multiphasic mixtures with charged solid matrix and any number of neutral or charged solutes (Ateshian et al., 2013) .
Applications to three dimensional joint contact mechanics
The availability of computational algorithms for joint contact mechanics provides the opportunity to relax assumptions such as infinitesimal deformations, linear material behavior and idealized geometry. Since 3D analyses almost always make use of the FE method for spatial discretization and solution of the equations of motion, this section assumes that the FE method is the target approach.
Specific results that are sought from 3D FE analysis of contact mechanics include components and quantities derived from the stress and strain tensors, and in the case of biphasic analysis, fluid flux and fluid load support. Derived quantities of interest include contact stress, percent load supported by different regions or structures across a contact interface, and invariants of the stress and strain tensors that are related to cartilage failure such as 1st principal strain and maximum shear stress (Ateshian et al., 1994; Ateshian and Wang, 1995; Broom et al., 1996; Flachsmann et al., 1995; Radin et al., 1984; Thompson et al., 1991) . The latter can provide insight into the pathogenesis of OA via comparison with values which are expected to cause physical damage or metabolic change. Evaluation on both the articular surfaces and through the thickness may be important in understanding the pathogenesis of OA (Henak et al., 2013c) . For example, cartilage often fails at or near the boundary with subchondral bone (Flachsmann et al., 1995; Meachim and Bentley, 1978) .
The primary inputs required for 3D FE models of contact mechanics include the geometry of the articulating surfaces and other structures involved in load support or transfer across the joint (e.g., meniscus, labrum, ligaments, tendons, depending on the loading scenarios of interest), material properties for constitutive models, and boundary and loading conditions (Fig. 1) . Acquisition and processing of geometry is especially challenging for 3D models. For modeling joint contact mechanics in vivo, the geometry is primarily obtained via volumetric computed tomography (CT) or magnetic resonance (MR) imaging. The cartilage-cartilage and cartilage-bone interfaces must be clearly visible over the entire articular surfaces to allow reconstruction of articular cartilage geometry (Anderson et al., 2010a) . This goal is challenging because articulating joints are often surrounded by thick musculature, ligaments and tendons. Articular surfaces of congruent joints such as the hip are often in close contact even in the absence of external loading or body weight. In some cases, this issue can be addressed by the intra-articular injection of a contrast agent, which serves both to separate the joint surfaces and to provide contrast between the articular layers.
The primary benefits of CT are excellent visualization of bone and cartilage and short scan times, which help to ensure minimal motion artifact. High-resolution CT provides excellent delineation of bone, and can be used to image opposing layers of cartilage with contrast enhancement (Allen et al., 2010; Eckstein et al., 2005; El-Khoury et al., 2004; Wyler et al., 2009) . The primary drawbacks to CT arthrography (CTA) are exposure to ionizing radiation and the invasive nature of the injection of contrast agent. In our studies of patient-specific contact mechanics in the hip using CTA [185, 186] , 15-25 ml of diluted contrast agent is injected into the joint, followed directly by CT image acquisition while the hip is under traction (Henak et al., 2013e, 2014 . Additional considerations for volumetric CT image acquisition include position and orientation of the joint in the scanner, field of view and energy/scanner settings. Please see our recent review article for more details on the use of CT for FE model creation (Henak et al., 2013b) .
MR arthrography (MRA) is an attractive alternative to CTA since there is no radiation exposure. However, clinical protocols for imaging articular cartilage often use 2D acquisitions that are not SNR-efficient and produce relatively thick slices that suffer from non-uniform slice profiles and staircase artifact. 3D acquisitions require longer scan times, but for joints such as the knee that have minimal overlying soft tissue, the scan times are still reasonable. The most important factors to consider when acquiring MR image data to create 3D models are signal to noise ratio (SNR), spatial resolution, field strength, scan protocol, use of coils and orientation of scan plane (Gold et al., 2009 Potter et al., 2009; Potter and Schachar, 2010; Recht et al., 2005; Shapiro et al., 2012) . High spatial resolution and adequate SNR must be balanced to obtain high-quality MR images (Recht et al., 2005) . Unlike CT, MR can acquire native scans in all three anatomical planes.
After volumetric image data are available, segmentation and discretization are the next technical hurdles on the path to mesh generation (Fig. 1) . Segmentation is the process of identifying the boundaries of specific tissues in volumetric image data, and discretization is the process of mesh generation from the segmented image data. The most effective approach to segmentation varies between datasets, but all function primarily using methods such as thresholding, histogram based segmentation and manual segmentation. The 3D geometry can be reconstructed from the 2D segmentation masks via several methods, and the result is often a triangulated surface (Boissonnat, 1988) . Decimation and smoothing can be applied to refine the surface (Schneider et al., 2012; Taubin et al., 1996) . Accuracy of the segmented surfaces is an important consideration in both automatic and manual segmentation (Allen et al., High-level flowchart of methods for generating subject-specific finite element models of joint contact mechanics from in vivo medical image data. The source for geometry is typically obtained from CT arthrography (CTA) or MR arthrography (MRA) data. The injected contrast separates the articular layers and highlights the cartilage surfaces . Because of the complex boundaries that are produced by the contrast agent, manual segmentation is often necessary to identify the cartilage surface and the cartilage-bone boundaries. Typical finite element discretization strategies involve the use of hexahedral and/or tetrahedral elements. Discretization of the articular layers is especially difficult since the cartilage is thin and multiple elements are needed through the thickness to resolve gradients in stress and strain (Henak et al., 2013c) . When combined with generic or patient-specific boundary and loading conditions, and appropriate material data, these inputs provide the basis for finite element analysis of subject-specific joint contact mechanics (Harris et al., 2012; Henak et al., 2014; Henak et al., 2013d). 2010; Cohen et al., 1999; Li et al., 2008b; Stammberger et al., 1999) as it will affect the accuracy of model predictions.
Subject-and patient-specific analysis
When the ability to perform three-dimensional (3D) FE contact analysis is available, subject-specific geometry can be analyzed. This provides the opportunity to examine normal populations of individuals and populations with specific injuries or other pathologies. Ultimately, patient-specific modeling offers the potential for use in surgical planning and for large scale studies of treatment efficacy. Such approaches have already seen some application in the hip, knee and ankle (Adouni and Shirazi-Adl, 2014; Anderson et al., 2010b; Fitzpatrick et al., 2012; Henak et al., 2014; Henak et al., 2013a; Li et al., 2008a; Wang et al., 2014) . The following section focuses on our own research related to patient-specific modeling of the hip.
Over the past 13 years, we developed and validated a patientspecific FE (FE) analysis pipeline to examine cartilage mechanics in the hip, and we studied 84 normal volunteers and patients with acetabular dysplasia and acetabular retroversion (Anderson et al., , 2010a (Anderson et al., , 2005 Harris et al., 2012; Henak et al., 2014 Henak et al., , 2013b Henak et al., , 2013c Henak et al., , 2013d Henak et al., , 2011 . The most common type of dysplasia ("traditional dysplasia") is characterized by a shallow acetabulum and lack of coverage of the femoral head (Cooperman et al., 1983) . The benefit of patient-specific FE modeling for this population becomes clear when one considers that it would be nearly impossible to assemble a population of cadaver tissue that exhibits a pathology such as acetabular dysplasia. Our findings demonstrate that increased labral loading, rather than higher contact stresses on acetabular or femoral cartilage, is the primary distinguishing characteristic of hips with traditional dysplasia () (Fig. 2) . Indeed, congruency and contact area are not substantially different in the primary load-bearing regions, challenging the hypothesis that chronic contact stress overload due to reduced congruency is the cause of early onset OA in dysplastic hips. Further, our results support clinical observations of OA progression for relatively young patients with acetabular dysplasia versus older patients. In patients with traditional dysplasia and early OA, labral tears and peripheral damage to the acetabular cartilage and delamination are the most common findings (Akiyama et al., 2013; Dorrell and Catterall, 1986; Fujii et al., 2009; Hartig-Andreasen et al., 2013; McCarthy et al., 2003 McCarthy et al., , 2001a McCarthy et al., , 2001b Tamura et al., 2012; Thomas et al., 2013) . In contrast, older patients with early OA typically exhibit progressive joint space narrowing (Conrozier et al., 1998; Franklin et al., 2011; Goker et al., 2000) .
Subsequently, we used a population of validated FE models of normal human hips to resolve transchondral predictions of cartilage tensile strain and shear stress (Henak et al., 2013c) (Fig. 3) . We specifically focused on variation through the thickness of the cartilage between the articular surface and the osteochondral interface during simulated activities of daily living. Using highly refined meshes through the cartilage thickness for five specimen-specific models, we were able to predict the expected elevation in maximum shear stress at the cartilage-bone boundary on the femoral side (Fig. 3C) , and that the highest shear stresses on both acetabular and femoral sides occurred at the cartilage-bone boundary (Fig. 3B) . With further validation of cartilage failure criteria, the results of this study demonstrate the potential for FE modeling of joint contact mechanics to predict cartilage failure on a patient-specific basis.
Challenges and future directions
The material behavior of articular cartilage has been studied in detail for decades, and we understand the effects of anisotropy, tension-compression nonlinearity, inhomogeneity and flow-induced viscoelasticity on the predicted stress response of articular cartilage for many idealized situations. Yet, in terms of 3D modeling, we still lack information on which assumptions are appropriate and reasonable for simulating different types of loading scenarios. Additionally, there is a dearth of experimental test data for even normal human articular cartilage from joints of clinical interest such as the hip and knee that is suitable for populating anisotropic, inhomogeneous 3D constitutive models. Most of the available data have been obtained for bovine articular cartilage. Similarly, minimal data are available for normal meniscus, hip labrum, and other important load bearing structures that must be represented in 3D models. Further research is needed in all of these areas. Despite the success with CTA, the process of generating a FE model from CTA image data is painfully slow, taking over 100 h for segmentation and mesh generation. Better methods are needed for segmenting the articular cartilage layers from this image modality as well as from MRA to automate the process. With an order of magnitude improvement in time for model creation, patient specific modeling of articular contact mechanics would become a feasible addition to clinical diagnosis and treatment planning. Additionally, improved MRI methods are needed for imaging deep joints such as the hip. Current clinical MRI protocols do not address the needs of 3D model reconstruction and do not provide sufficient signal-tonoise ratio when imaging deep joints. Additional time savings can come from improved methods for mesh generation, and techniques such as statistical shape modeling may help to reuse existing models by mapping them to new patients.
Finally, many questions remain regarding the need for subjectspecific boundary and loading conditions, and subject-specific material properties. In our own studies (Anderson et al., , 2010a Harris et al., 2012; Henak et al., 2014) , most of our simulations to date have utilized generic, population average data for kinetics. It is likely that for some populations, subject-specific kinematics and kinetics will be necessary to obtain reasonable predictions of stress and strain during joint contact analysis. Similar questions apply for material properties, especially for populations expected to have far-fromaverage articular cartilage such as advanced osteoarthritis.
In the future, databases consisting of model geometry, mechanical results and other relevant data could provide the basis for quick classification of patients. By indexing multiple measures from a patient into such a database, decisions regarding diagnosis and treatment planning may be able to be made without performing any further computational contact analysis. 
